Biosensors are a broad array of devices that detect the type and amount of a biological species or biomolecule. Several different types of biosensors have been developed that rely on changes to mechanical, chemical or electrical properties of the transduction or sensing element to induce a measurable signal. Often, a biosensor will integrate several functions or unit operations such as sample extraction, manipulation and detection on a single platform. This review begins with an overview of the current state-of-the-art biosensor field. Next, the review delves into a special class of biosensors that rely on microfluidics and nanofluidics by presenting the underlying theory, fabrication and several examples and applications of microfluidic and nanofluidic sensors.
Introduction
Modern, productive and advancing societies function owing to improved lifestyle and health of the constituents obtained through major improvements in environmental factors such as cleaner water, air and food. Furthermore, health and life science-related improvements have also contributed to the growth of our society. One scientific tool that has enabled these improvements is the use of sensors for detecting chemical and biological molecules that are critical to the functioning of humans and other societal constituents. Among the various sensors and detectors that have been developed for identifying chemical and biological molecules, biosensors find a special place.
Biosensors are devices typically used to detect target biomolecules such as proteins, enzymes or nucleic acids though they can have other applications such as the detection of chemical contaminants in water. Biomolecules or chemical contaminants can be sensed or detected through a variety of mechanisms but generally detection involves an interaction between the target molecule and a transducer to produce a measureable signal indicating the presence and concentration of that target molecule within a sample. In the case of a mixture *Authors for correspondence (prakash.31@osu.edu; bhushan.2@osu.edu).
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This journal is © 2012 The Royal Society of target molecules, the biosensor would enable the ability to discern between different species. Therefore, an ideal biosensor will provide specific information on the type and amount of the biomolecules present in a test sample.
Conventionally, biosensors were developed in two broad categories: (i) microarray type, which usually comprised cantilever or field-effect devices with adsorption of target analytes to sensing elements as the main transduction mechanism, and (ii) microfluidic and nanofluidic sensors that usually involved manipulations of small fluidic volumes (microlitres to nanolitres) leading to an optical method for detection. However, in the past decade advances in micro-and nanofabrication have led to the miniaturization of several analytical methods such as gas chromatography [1] and the integration of methods such as mass spectrometry with traditional separation techniques such as capillary electrophoresis [2] . These advancements have led to the development of integrated biosensors that bring together several unit operations (e.g. sample extraction, purification, sensing, etc.) on a single platform. Therefore, this review first discusses broad detection mechanisms, and then describes the various platforms used in biosensors including integrated systems that combine both microfluidic (or nanofluidic) and microarray types.
(a) Detection and transduction methods
Detection can be performed by a variety of methods. Common optical methods include fluorescence [3] [4] [5] [6] , optical cavity resonators [7] [8] [9] and surface-plasmon resonance or SPR [10] [11] [12] [13] [14] [15] [16] in which a surface-based chemical reaction corresponds to a change in the refractive index and thus a shift in the optical signal. Electrochemical impedance spectroscopy or EIS [17] [18] [19] detects changes in surface or nanostructure impedance owing to surface reactions or transport. In other electrically based techniques, a surface-based reaction corresponds to a change in a measured electrical signal such as current [20] [21] [22] [23] , resistance [24] [25] [26] , capacitance [27] or conductance [28] [29] [30] [31] [32] [33] [34] of the test sample. In addition, detection methods could also rely on mechanical changes induced owing to adsorption of target molecules or analytes to cantilevers [35] [36] [37] or nanowires [33] , changes to inherent biomolecular charge in the case of field-effect transistors, sometimes also classified as microarray-type biosensors [38] [39] [40] [41] [42] [43] , or electrochemical changes such as those arising from redox reactions inducing variations in current flow [44, 45] . Therefore, biosensors form a complex area of research given the diversity of target molecules, need for low false positives and variety of detection platforms available [46] [47] [48] [49] [50] with a brief summary presented in table 1a.
(b) Microfluidic and nanofluidic biosensor platforms
Micro/nanofluidic-based biosensors present one platform with detection often integrated onto the same platform with different elements to control and manipulate fluidic transport as summarized in table 1b. Additionally, target biomolecules are typically found in some types of solution, and may require use of microarrays to immobilize target species on the surface of the biosensor [58, 59] . The solvents are usually aqueous solutions to preserve the natural state, or after processing may be organic materials. The sensor should be able to perform the [35] [36] [37] nanowires change in surface charge through protonation/deprotonation [33] electrical field-effect transistors changes in inherent biomolecular charge [38, [41] [42] [43] 51] nanowires changes in electrical signal such as current, resistance, capacitance or conductance [24] [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] optical fluorescence intensity of fluorescent signal [3] [4] [5] optical cavity resonator shift in resonance wavelength proportional to change in mass [7, 9] surface-plasmon resonance shift in refractive index [10, 11, [13] [14] [15] [16] 52] (b) sample manipulation method underlying principle involved references pumps electrokinetic pumping (including electro-osmosis) valves surface modification [53] droplets transfer electrically controlled surface tension drives liquid droplets [54, 55] arrays/mixing of fluids use of heterogeneous surfaces (e.g. use of nanoholes or modified surfaces) [56, 57] a As discussed in the text, many of the mechanisms can be combined with sample manipulation techniques in table 1b in microfluidic or nanofluidic platforms or can be used as stand-alone methods. The development of integrated biosensors usually combines several unit operations on a single platform.
function regardless of background solvents and interfering agents. Consequently, many different types of biosensors have been developed. In this article, the focus will be on microfluidic and nanofluidic biosensors. Specifically, the review will discuss the underlying physical and operating principles, as well as the fabrication of biosensor devices that rely on microfluidics and nanofluidics. There has been a growing desire to create portable detection devices that can perform measurements in a matter of minutes using increasingly smaller sample volumes [10, 24, 25, [60] [61] [62] approaching the picolitre range. Several commercial examples for biosensing platforms exist including point-of-use type kits such as home pregnancy tests for detection of hormones such as human chorionic gonadotropin (hCG) for early indication of pregnancy. Another familiar example of a commercially available portable biosensor is a home blood glucose meter for diabetics [63] . It is expected that with smaller volumes, higher specificity for detection can be achieved with the eventual goal of single-molecule detection.
Such goals have driven the development first of microfluidic systems beginning in the early 1990s and now the development of nanofluidic systems starting in the late 1990s [64] . In fact, new platforms and systems are constantly being designed to detect a single or a class of (bio)chemicals, or with system-level analytical capabilities for a broad range of (bio)chemical species and have led to the emergence of a whole array of platforms known as micro total analysis systems (m-TAS) or lab-on-chip (LoC), which have the advantage of incorporating sample handling, separation, detection and data analysis onto one platform. In common laboratory settings, the test biofluid (e.g. blood, urine, saliva or tear-drops) is injected into the chip generally using an external pump or syringe for analysis. Some devices have also been designed and built with integrated micropumps. As an example, figure 1 [41] shows a biosensor that can be incorporated in a wristwatch and a cassette-type biosensor with multiple unit operations on a single platform. Other platforms such as those modelled after compact discs (CDs) that use centrifugal forces have also been developed [65] . This integration of multiple unit operations on a single platform is the hallmark of biosensors as these are typically considered multi-functional, multi-component devices [38, 66] . Furthermore, since most biosensors require working with biomolecules in an aqueous electrolyte solution to imitate the most natural environment, microfluidic and nanofluidic systems lend themselves as the most straightforward technological platforms for the development of specific biosensors.
(c) Introduction to microfluidics in biosensing
Microfluidics generally refers to the study of fluidic systems with critical operational lengths in the 1-100 mm range, while nanofluidics is defined as the study of fluidic systems with critical operational length scales at 1-100 nm [56, 67] . These devices and systems are characterized by high surface-area-to-volume (SA/V) ratios. Practical devices with SA/V ratios of the order of 10 9 m −1 have already been fabricated [67] . There are two main methods that have been used for driving the flow of fluids in micro-and nanochannels: pressure-driven and electrokinetic. With decreasing channel dimensions, pressure-driven flow may become a challenge as discussed in a recent review [67] ; therefore electric-field driven or electrokinetic flows are the primary method for fluid (and biochemical (a) Figure 1 . (a) An example of a microfluidic-based biosensor that can be incorporated onto a wristwatch. The lab-on-a-chip system relies on manipulation of small volumes of fluid in microchannels using microvalves. (b) A cassette-type biosensor used for human genomic DNA analysis. The use of micropumps and microvalves allows for fluid manipulation and multiple sample processing steps in a single cassette [41] . (Online version in colour.) species) actuation and consequently biosensors based on electrokinetic flow have also been developed. In the so-called 'digital based microfluidics' based on electro-osmosis [67, 68] , electrically controlled surface tension is used to drive liquid droplets [54, 55] . Direct manipulation of electro-osmosis through chemical modification of surfaces to preferentially direct flows has also been demonstrated [53] thus eliminating the need for valves and pumps. Consequently, there are reports in the literature showing that micro-and nanofluidic devices enable detection of target molecules in increasingly smaller concentrations (down to 0.2 fM) [69] . If we were to imagine a relatively large nanochannel or nanopipe with a 100 nm diameter and a length of 10 mm, the volume available would be of the order of approximately 10 −20 m 3 (or nearly 80 al), and it could accommodate approximately 10 8 water molecules, at room temperature and pressure. Therefore, at saturation, such a nanochannel or nanopipe would be able to accommodate a 10 fM concentration of target molecules with similar size to water. In most cases, it can be expected that the target analytes maybe much larger in size than a water molecule and at least one to two orders of magnitude lower in concentration, suggesting the possibility that nanofluidics can enable detection down to the 1-100 aM (attomolar or 10 −18 M) range. From a biosensor viewpoint, the ability to detect 10 000 or fewer molecules of a biological species presents a very lucrative idea for further research. Scaling down of length scales has already spawned extensive research activities in molecular diagnostic and analysis tools based on microfluidic and nanofluidic systems, described as LoC or m-TAS above. Systems have already been developed for cell sorting [70] , rapid PCR and DNA microarrays [71] [72] [73] [74] and diagnostic methods based on RNA detection for applications towards early cancer detection [75] , point-of-care devices in unconventional or hazardous environments, and for management of diseases during pandemics and natural disasters [76] [77] [78] [79] [80] .
Despite these advances, fundamental physics of mass transport and reaction time places limitations on the concentration of target molecules that can be detected as well as the speed at which they can be detected. Typical characteristic time scales, t c , for biosensors are limited by the travel time of the target molecule to the sensing site and consequently rely on the diffusion of the species. Therefore, t c would be expected to scale as l 2 c /D with l c being the characteristic length of the device and D being the diffusivity of the species of interest [81, 82] . Therefore, with smaller channel size, i.e. lower l c , t c will also become smaller and enable faster detection. The direct consequence is that microfluidic and, even more so, nanofluidic sensors can use geometry to enable faster diagnostics. Often, increased detection speed and decreased minimum concentration tend to be competing interests. Increased detection speed requires increased fluid velocity which may not leave enough time for target molecules to diffuse across a channel and bind to a detection site before being transferred downstream. Therefore, even though the characteristic length scale may enable highly sensitive detection, the actual transport may be a limiting factor in achieving lower detection limits. Considerable effort has been placed on designing and constructing sensors that balance the need for these and other competing factors, as discussed throughout this review.
In this review, we seek to outline the fundamental fluid mechanics that comes into play in biosensors with the goal of highlighting potential areas of concern that if resolved would enable even better design and operation of biosensors. Additionally, we will review the fabrication techniques employed for building devices at the micro-and nanoscale. Finally, we will review recent types of biosensors, the way in which they detect the presence of target molecules and the Phil. Trans. R. Soc. A reliability and detection limits of these current state-of-the-art devices. Therefore, the purpose of this review is to provide a detailed overview of microfluidic and nanofluidic biosensors. Given the breadth of topics discussed in this review, it is nearly impossible to include all published research. Therefore, throughout this article, the reader is directed to several other related reviews, books and additional references that provide in-depth discussions of specific topics.
Theory (a) Fluid mechanics and scaling analyses for microfluidics and nanofluidics
Nanofluidic devices are typically defined as devices which have at least one critical dimension in the range of 1-100 nm. Perhaps a broader definition should include the concept that the device operation length scales are the same as the length scales for phenomena governed by small collections of molecules. For example, devices with volumes of 10 −21 m 3 have been fabricated with the ability to confine hundreds of thousands of molecules. Compare this to Avogadro's number, N A = 6.023 × 10 23 , which represents 1 mol of a substance at room temperature and pressure. With these small ensembles of molecules, nanofluidics enables highly sensitive devices and sensors, especially for biological species, as discussed above. Consequently, owing to the high SA/V ratio (approx. 10 9 m −1 ), interactions with the walls become increasingly important at these length scales [56] . In the next few paragraphs, some important dimensionless parameters, their physical significance, and their use with respect to biosensors are discussed.
The Reynolds number is a non-dimensional parameter that gives the ratio of the inertial forces to the viscous forces. The Reynolds number is given by the equation
where r is the density of the fluid, m the viscosity, l c the characteristic length for the flow and u the average velocity. For microfluidics and nanofluidics, the critical dimension, which is often the channel height, becomes increasingly small and consequently corresponds to increasingly small Reynolds numbers. Thus, the ratio of inertial forces to viscous forces decreases, indicating that the viscous forces dominate over the inertial forces at these length scales.
In most microfluidics and nanofluidics applications, a particle (ion, colloid, biomolecule, AFM probe tip, etc.) will interact with the channel walls. Considering three important forces, electrostatic or coulombic, F el , van der Waals, F vdw , and hydrodynamic forces, F h , provides better insight to surface-particle interactions and subsequent phenomena. For an infinite flat surface separated by a distance D from a particle of radius R, F el is given by [83] 
where l D is the Debye length and s S and s P are the surface charge densities of the sample and the particle, respectively. F vdw is given by [83] 
where A H is the Hamaker constant, which serves as an indicator of the interaction between the particle and the sample surface. F h is given by [83] 
where V is the particle velocity, b s is the hydrodynamic damping coefficient and m is the viscosity of the fluid. The coefficient f * is related to the boundary slip properties. If the no-slip assumption holds true at the solid-liquid interface, then f * = 1, while if slip exists f * < 1. As an aside, it should be noted that equation (2.4) is often used in the literature for determining slip-lengths using a colloidal AFM probe tip. As the operational length scales (here, characteristic length scale is separation distance, D) decrease, it can be seen from equations (2.2)-(2.4) that F el displays an exponential dependence, F vdw an inverse quadratic dependence and F h an inverse linear dependence on the separation distance. Therefore, consideration of each force term at the microscale, and even more so at the nanoscale, is essential towards completely describing the importance of wall-species interactions.
(b) The electric double layer
The concept of the electric double layer or EDL is derived from the colloidal sciences [67, 84] but finds wide use and applicability in microfluidics and nanofluidics [85] [86] [87] [88] . We begin by a short discussion on the origin of surface charge. Surfaces in contact with an aqueous solution often obtain a net surface charge. This can occur by dissociation of surface groups, as in the dissociation of protons from surface-bound carboxylic acid groups leading to a negatively charged surface (−COOH → COO − + H + ), or through adsorption of ions from the solution [84] . Glass, which is commonly used for micro/nanofluidic-based biosensors, obtains a net negative surface charge when placed in contact with an aqueous solution at neutral pH through the dissociation of surface silanol groups. Ions with opposite polarity arrange themselves along the charged surface to form a fixed layer of counter-ions known as the Stern layer. Outside of the Stern layer is the mobile diffuse layer. The zeta (z) potential is measured at the slip plane located between the Stern and diffuse layers. The Stern and diffuse layers make up the electric double layer. The EDL screens the bulk solution, which is electrically neutral outside of the EDL. The screening length is known as the Debye length and is given by
where 3 e is the electric permittivity of the medium, R the gas constant, T the temperature, F Faraday's constant, z i the valence of the ith species and c i the concentration of the ith species. Typical Debye lengths range from about 0.1 to 100 nm with larger Debye lengths corresponding to smaller concentrations [89] . The concept is depicted schematically in figure 2a [67] . It should be noted from equation (2.5) that the Debye length is a function of the inverse square root of the bulk ionic concentration. In addition, the Debye screening length represents The dimensionless value y is the distance away from the channel wall over the Debye length and f s is the surface potential. A 1 : 1 electrolyte and a bulk ionic strength of 0.3 M were used to generate the plots [68] . Solid curves, analytical; dashed curves, Debye-Hückel. (Online version in colour.) the 1/e (where e is the base of the natural logarithm) cut-off for the drop in surface potentials. The distance is tracked from the wall to the bulk solution, where the electrolyte solution is electrically neutral. As channel sizes are decreased, the EDL occupies a larger portion of the channel. Depending on the channel dimensions and Debye length, the EDLs may in fact overlap and the electric potential in the bulk will no longer be neutral. The relative size of the Debye length compared with the channel plays a crucial role in the dominant physics of ion transport. When the Debye length is small compared with the radius of the nanochannel (ka ≥ 1 where k is the inverse Debye length and a is the radius of the channel) electromigration, the transport of ions under the influence of an electric field, is the dominant effect. If the EDL spans the width of the pore (ka < 1) then electro-osmotic flow, the bulk fluid motion induced by an electric field, is the dominating effect [85] . The Debye length can be controlled by altering the concentration of the solution or by changing the surface charge density [85, 90] . In the case of strongly overlapped EDLs, the coion exclusion principle [91] may occur, which can be used for permselectivity of ions. This means that only counter-ions are present in the bulk of the solution and thus co-ions are excluded from the nanochannel/nanopore. In the case of biosensors, the presence of certain molecules may interfere with the ability to detect a target molecule. For example, glucose sensors work by measuring the rate of the glucose oxidase-catalysed oxidation, which can be monitored through the rate at which hydrogen peroxide is formed. Other common molecules in biological samples such as ascorbate, urate and acetaminophen interfere with the detection of hydrogen peroxide. A permselective polymer layer is used to eliminate the interference of these molecules from measurements [92, 93] .
The presence of the EDL plays a significant role when using silicon nanowires for electrical detection of target molecules. The Debye layer can cause screening of the sensing area, which leads to the inability for target molecules to bind to the chemically modified sensing surface [94] . Additionally, a recent study has shown that the conductance of a silicon nanowire changes linearly with the flow velocity in the channel. The streaming potential, which refers to the movement of counter-ions in the EDL caused by an applied electric field, depends on the flow velocity. It was found that the magnitude of the conductance changes in the silicon nanowires depended on the streaming potential, ionic strength and composition of the electrolyte solution used as a solvent for target molecules. This is an important consideration for silicon nanowires since the detection of target molecules is based on conductance changes in the nanowires caused by binding events of the target molecules. This study showed that electrical properties in the buffer solution must be considered when building devices that use nanowires as biosensors. The study also demonstrated the ability to use nanowires to measure flow velocities in microchannels [95] .
(c) Electrokinetics in microfluidics and nanofluidics
When dealing with microchannels and nanochannels, it is often preferable to use an electric field rather than a pressure gradient to drive flow through the channels. From the Hagen-Poiseuille equation, we know that the pressure drop, |DP|, in a nanochannel is related to the volumetric flow rate Q by [96] 
where m is the viscosity of the fluid, L is the length of the channel and d is the channel diameter. So to achieve a flow rate of 1 pl s −1 for water in a channel that is 10 mm long and 10 nm in diameter would require a pressure drop of approximately 40 GPa. The Hagen-Poiseuille equation (2.6) assumes laminar, viscous, incompressible, pressure-driven flow, where the no-slip condition holds.
The application of an external electric field across the channel results in a net force on the ions in the EDL. As the ions in the diffuse layer move under the influence of the electric field, they drag the rest of the fluid along with them resulting in bulk fluid motion known as electro-osmotic flow. The electro-osmotic flow velocity is found by solving the Navier-Stokes equation with a body force given by r e E, where r e is the net charge density and E is the applied electric field. The net charge density comes from the distribution of ions in the EDL which from Poisson's equation is
where 3 is the dielectric constant or function of the fluid and j is the potential distribution of the EDL. Poisson's equation is a nonlinear second-order differential equation, which when coupled with the governing equation for the charge density gives rise to situations where an analytical solution does not exist, and the EDL field must then be described through a numerical solution. However, in certain cases, analytical solutions are available. For example, in the case of microfluidics, when the channel walls are sufficiently far apart and the net charge in the centre of the bulk region of the channel is nearly neutral, the net charge distribution outside the shear plane is described using the Boltzmann distribution [97] which has the functional form
for a symmetric, z:z electrolyte. In equation (2.8), z is the valence, c 0 the concentration of the bulk electrolyte, e the charge of an electron, k b the Boltzmann constant and T the temperature of the fluid. Therefore, by substituting equation (2.8) into equation (2.7), the governing differential equation for the potential distribution becomes
for the case when the electric field in the fluid caused by the EDL can be assumed to be one-dimensional. This assumption holds in the case of a slit-like or circular microfluidic channel for which analytical solutions have previously been reported [98] . As an example of what the analytical solution looks like visually, the dimensionless potential is plotted for different distances y from the channel wall over the Debye length in figure 2b [68] . Figure 2b shows the exponential decay in potential starting at the channel wall and extending out into the electrically neutral bulk fluid. For a biosensor that relies on surface-species interactions, the main consequence is that large changes in potential can occur at the wall for analyte-wall interactions. Equation (2.9) is often linearized using the Debye-Hückel approximation, which is considered valid when |zez| < k b T [97] , or a wall potential of nearly 26 mV. If the Debye-Hückel approximation is used, then an analytical solution has also been derived for a rectangular microfluidic channel [98] . It should be noted that the Boltzmann distribution shown in equation (2.8) does not apply for the case of overlapping EDLs [99] , since the bulk is no longer electrically neutral. Many applications might require a combination of pressure and electrically driven flows. In such cases, when the flow is being driven both by a pressure gradient and an applied potential difference, the pressure gradient induces a flow of charge in the diffuse layer and generates a finite voltage called the streaming potential. The electric field in the fluid then is no longer one-dimensional [100] . In such cases, numerical solutions are often needed. It should be noted here that in nanochannels situations regularly arise where either electroneutrality is violated or the electric field gradients are not one-dimensional; therefore for nanochannel flows, theoretical predictions usually rely on numerical simulations and advanced methods such as molecular dynamics.
In microchannels, most of the assumptions and equations described above hold well and therefore enable a broader range of analytical solutions. For example, for thin EDLs (i.e. l D << h), the method of matched asymptotics gives a velocity expressed as 10) where the velocity u is the electro-osmotic velocity with m EO denoting the electroosmotic mobility. Equation (2.10) is commonly referred to as the HelmholtzSmoluchowski approximation for determining the electro-osmotic velocity. This result gives a plug-like flow distribution for electro-osmotic flow in channels that have thin double layers [68] . Notably, different ions will have different values for their electro-osmotic mobilities. If there are several different types of ions in a solution, the ions will move at different velocities under the influence of the electric field, causing them to separate. This forms the basis of many microchip-based electrophoretic techniques. By using the fundamental principles for electrokinetic phenomena described above, many different sensors and techniques have been developed and discussed in the literature as reviewed throughout this article. One recent example includes the preconcentrating of analytes in order to enable lower detection limits in nanofluidic-based biosensors [4] .
(d) Analyte transport regimes
Detection of target molecules is limited by the diffusion of the molecule to the sensor as well as by the target molecules' ability to bind to the sensor. In the case of a device that has no bulk flow, the diffusion of target molecules across the width of the channel is governed by
where J i is the molar flux, D i the diffusion coefficient and c i the concentration of the ith species in the x-direction or usually along the length of the channel. Equation (2.11) is the one-dimensional form of Fick's first law of diffusion and generally is applied to microchannels or larger nanochannels (of the order of several hundred nanometres). However, as nanochannel dimension is decreased, diffusion becomes hindered. The Renkin equation gives the extent to which the diffusion coefficient is reduced in a confined space [67] . Following the discussion in §1 about the characteristic measurement time, t c , the diffusion of the molecule to the sensor, therefore, imposes a minimum amount of time necessary for the detection of a target molecule. However, in most devices, the flow is being driven through an external force and so convection of the fluid must also be considered. The convection of target molecules in the presence of concentration gradients and diffusion is determined by the Nernst-Planck equation, which is discussed here in the one-dimensional form for convenience, 12) where u is the bulk fluid velocity, z i the valence of the ith species and F the electrical potential which is the sum of the applied potential and the local potential from the EDL. As target molecules are collected by the sensor, a depletion zone is created around the sensor. A recent review by Squires et al. [81] gives a qualitative description of the way the depletion zone develops with time. The depletion zone creates a concentration gradient along the length of the channel, and is represented by the first term in the Nernst-Planck equation (2.12).
As flow rate is increased, target molecules may not have enough time to diffuse across the width of the channel to the detector (usually located at or near the channel walls) before being transferred downstream past the detector. Therefore, the fluid mechanics should work in such a way so as to allow sufficient time for the target molecule to bind to the detector. However, if the bulk fluid velocity is too slow, the depletion zone grows increasingly larger as described previously [81] . Consequently, very few molecules may be close to the detector, which slows down detection and limits the resolution of detection. Alternatively, if the flow rate is increased in order to decrease the size of the depletion zone, the sensitivity of the detector will be reduced. Target molecules in the channel that are further away from the sensor will be swept downstream before having enough time to diffuse across the channel and bind to the detector. Figure 3 [81] shows COMSOL simulations that illustrate how the development of the depletion zone in time influences the flux of target molecules to the sensor in the case where there is no bulk fluid flow. Therefore, accounting for the molecules that pass by the sensor without binding, a larger minimum concentration will be required to detect the presence of the target molecule when there is bulk fluid motion. Notably, devices are being designed that incorporate depletion zone mixing to enhance delivery of the target molecule from the bulk solution to the sensing surface [57, 101, 102] . Tests are also performed to optimize the flow rate by measuring the dependence of signal strength on flow rate in many microfluidic-based biosensor devices [26, 61] .
(e) Considerations for slip flow
If the adhesion between the micro/nanochannel surface and the biofluid is high, biomolecules will stick to the channel surface and resist flow. In order to facilitate flow, channel surfaces with low bioadhesion are required. Fluid flow in polymer channels can produce triboelectric surface potential which may affect the flow [103] . Polymers are known to generate surface potential, and Figure 3 . A COMSOL simulation that shows the dimensionless flux of target molecules to a biosensor as a function of the dimensionless time. The biosensor is assumed to be as wide as the channel. For the purposes of the simulation, the target molecules diffuse to the detector and bind immediately upon reaching it. There is no bulk flow in this case [81] . (Online version in colour.) the magnitude of the potential varies from one polymer to another [104] [105] [106] . Conductive surface layers on the polymer could be deposited, if possible, to reduce triboelectric effects.
Hydrophobic surfaces exhibit slip which reduces fluid drag [107] [108] [109] . The study of the interactions between hydrophobic surfaces and aqueous solutions reveals that during wetting, spherical cap-shaped bubbles with sub-100 nm diameter are formed on the hydrophobic surface at the solid-liquid interface [109] [110] [111] . The nanobubbles are believed to be charged species and an EDL forms at the gas-liquid interface, which imparts electrostatic stabilization to these structures. Nanobubbles are formed readily on water-repellant hydrophobic surfaces as shown in figure 4a [110] . The size and propensity of nanobubbles are potentially controlled by the charged species in the liquid wetting the hydrophobic surface, bias at the surface and surface heterogeneity among other parameters. Surface roughness and chemical heterogeneity as well as pH value have been shown to have a significant influence on the tendency of nanobubble formation on surfaces of comparable hydrophobicity [111] . The presence of nanobubbles is expected to influence fluid slip at the interface (figure 4b) and consequently liquid adhesion, and fluid flow characteristics [110] .
The fluid slip has been measured using an atomic force microscope (AFM) in tapping mode. It has been shown that water slip over hydrophilic surfaces (contact angle approx. 0
• ) is zero, whereas for hydrophobic (contact angle > 90 • ) and superhydrophobic surfaces (contact angle approx. 167
• ) it is 43 and 236 nm, respectively [108, 109] . It has been shown that any presence of electric field affects contact angle, propensity and size of nanobubbles and drag [108, 109, 111, 112] .
Figure 4c [83] shows the drainage velocity as a function of AFM tip-sample separation, comparing three different functionalized surfaces. Measurements of fluid drainage have been used in an indirect way to characterize the boundary-slip effect. Generally, higher drainage occurs at surfaces with higher contact angles.
The results indicate higher pH corresponds to a higher surface charge density and a lower drainage velocity [83] .
Fabrication
In this section, a brief discussion of common materials and techniques for fabrication is presented. It should be noted that this section does not give a comprehensive and detailed review of all fabrication methods but merely points out some of the essentials for biosensors. The reader is directed to many references including books and review articles for further details about specific methods and materials.
(a) Materials and substrates for biosensor fabrication
The most common substrates for microfluidic and nanofluidic devices are silicon, glass and a variety of polymers. Silicon has the advantage of being widely used by the semiconductor industry so its properties are well studied and fabrication methods are well developed. However, silicon is a semiconductor so a SiO 2 layer is thermally grown on the surface as an insulating layer for most silicon devices that require electrical isolation. This is particularly important for sensors that employ electrical-based detection methods since electrical effects in the bulk silicon substrate could potentially interfere with detection or provide stray noise in the sensor. Silicon with a thermally grown thin layer of SiO 2 has been used as a transducer, where an Au/Cr contact was connected to the Si chip to monitor impedance changes caused by variation in charge distribution owing to binding of DNA [30] . Glass has the advantage of being chemically stable and is transparent, which is particularly attractive when optical detection methods such as fluorescence or SPR are used. However, depending on the type of glass, there can be large amounts of impurities or trace materials that may potentially interfere with either device fabrication or sensor operation. For example, soda lime glass is one of the cheapest and most commonly used forms of glass, but can contain a large amount of contaminants such as aluminium. Pyrex or borosilicate glass is often used in microfluidic and nanofluidics devices, but is more expensive than soda lime. The best optical properties would be achieved in either fused silica or quartz, but these types of materials are significantly more expensive. One of the challenges with glass is the difficulty in bonding device layers to create sealed channels. Often high temperatures and/or large electric fields may be needed and therefore fabrication methods for biomaterials have to be adapted to meet the device-bonding requirements. Polymers are attractive materials for substrates because of their low cost, disposability and ability to adapt to several biomaterial and diagnostic applications [113] . For example, a polymer-based disposable device capable of detecting 0.25-10 ppm of anaesthetic propofol within 60 s has been already demonstrated (figure 5) [114] . Poly(dimethyl siloxane) (PDMS) is the most commonly used polymer for fabrication of fluidic channels [3, 4, 11, 60] towards biosensor applications though poly(methyl methacrylate) (PMMA) is also used [115] . Conducting polymers such as poly(phenylene vinylene) [23] , and its soluble derivatives along with polyaniline have been used for electronic components [28] . The main challenges in working with polymers relate to the relatively lower Young's modulus for these materials making polymer channels more prone to collapse and deformation than either silicon or glass. Furthermore, many polymers also show non-specific adsorption of biomaterials and can therefore pose contamination challenges for biosensors.
(b) Fabrication techniques and methods
Most biosensor methods discussed here rely on fabrication methods derived from the semiconductor and microelectromechanical systems industries. Fabrication methods are broadly classified in two categories, bottom-up methods that allow for device fabrication by using manipulation of individual blocks or fundamental building matter, and top-down approaches which use conventional and advanced materials machining techniques to develop devices. Both of these (i) Bottom-up approaches
As described above, bottom-up approaches use material manipulation to build systems one building block at a time. For example, methods such as self-assembly can be driven by thermodynamic energy minimization processes to develop polymer structures based on phase segregation. Other self-assembly methods use molecular assembly of alkanethiols to form organized monolayers that enable surface modification [56] , as discussed below. Other methods include pick-andplace approaches using advanced tools such as optical tweezers [124, 125] and AFMs [41, 103, 126] . Most of these methods are highly specific and remain in research phases with only a few manufactured biosensors.
(
ii) Top-down methods
Derived from processing of bulk silicon and glass for devices, these methods remain more common and popular for fabrication of devices. All device fabrication begins with definition of channels or other features on a blank substrate by methods of lithography. Lithography is followed by etching to form the actual features [116] . Other material addition (e.g. metals) may take place to provide functionality to the devices. Next, essentials of lithography and device etching are discussed.
UV lithography. Ultraviolet lithography has been widely used by the semiconductor industry. A light-sensitive material, photoresist, is spun onto a clean substrate which is then soft-baked to remove excess solvents and activate the photo-initiators in the resist. A photomask with the desired pattern is placed over the substrate and then exposed to ultraviolet light. If the photoresist is a positive-type, the photoresist in the exposed area will dissolve away when placed in a developer. In the case of a negative photoresist, the unexposed area will dissolve [116] . This process is used to define features on the substrate to create devices. Though UV lithography is a relatively cost-effective method, problems with uneven photoresist coverage often occur when patterning hierarchical nanostructures. Methods such as detachment lithography [117] and alterations to the photoresist spin step [118] have been shown to resolve this issue. This method is frequently used in micro/nanofluidic-based biosensors to fabricate fluidic channels [6, 20, 127] and is also used in the fabrication of silicon nanowires [24, 95] . Typical feature sizes are in the several micrometres range with the smallest features of the order of 2-5 mm.
Advanced lithographic techniques. In contrast to using UV light, other methods for defining features that eventually form structures on the substrates have also been developed. For example, focused proton beam lithography uses a highly focused beam of H + 2 ions to directly write a pattern into a polymer substrate. While the technique tends to be higher in cost when compared with conventional UV lithography, feature sizes achieved through this method range down to 22 nm. This method can also be used for high-aspect-ratio structures such as pillars [128] . This process is similar to electron beam lithography which uses a beam of high energy (around 200 keV) electrons to fabricate high-resolution patterns [129] . E-beam lithography has been employed to create highly reproducible nanofluidic hole arrays used in devices that implement depletion zone mixing to help increase detection time limited by diffusion [57] . In nanoimprint lithography, a pre-patterned mould, typically made of silicon is pressed into a flat polymer sheet often made of PMMA or PDMS. The mould is held in contact with the polymer under pressure and heated for about 30 min. The mould is then removed and the device is ready to be bonded [130] . Soft lithography begins with the fabrication of a master using standard photolithography or e-beam lithography.
A polymer such as PDMS is poured into the master and allowed to cure. Once fully cured, the PDMS mould is detached from the master and the device is ready to be bonded [11, 131] . Detachment lithography is a photoresist-based contact printing technique used in the fabrication of three-dimensional structures. A prepatterned silicon substrate is brought into contact with a flat PDMS stamp that has been coated with photoresist. After annealing and rapid peeling, the protruding areas of the silicon substrate become coated with photoresist. The substrate can then be patterned using other lithographic methods to produce more complicated structures [117] . Of these methods, nanoimprint lithography has been used by many researchers for the fabrication of PDMS fluidic channels for biosensors [3, 11, 25, 26, 45, 61] .
Etching techniques. Etching techniques are classified as wet or dry etching techniques depending on whether the etch medium is a liquid or a vapour. Patterns defined in lithography are physically transferred or transcribed into the substrate using wet or dry etching. Wet etching can be performed using hydrofluoric acid (HF) [31, 60] or buffered oxide etch [6] for glass and KOH for silicon, respectively. HF gives isotropic wet etching thus undercutting the masking layer and resulting in semicircular sidewalls or sidewalls that taper downward. Depth of the features is controlled by the etch time. Continued exposure to HF required for etching deeper features can result in photoresist delamination. For this reason, metal masking layers of aluminium or gold with an intermediate chrome adhesion layer are used to protect the substrate [119] . In the case of silicon, KOH gives an anisotropic etch resulting in sidewalls with a mirror-like finish. Patterns can also be transferred into the substrate through reactive ion etching (RIE). RIE is often used rather than wet etching because it is anisotropic [6, 57] . For glass, CF 4 or CHF 3 is typically used for etching, while Cl 3 /BCl 3 plasma is typically used for silicon [132] . An example of nanochannels fabricated in glass is shown in figure 6 [118] .
(c) Surface modification
Surface modification methods can be divided in two broad categories: physical and chemical methods. The definition of these broad categories depends on how the process actually affects the surface. Physical methods, in most cases, do not change the chemical composition of the surface, but may alter physical characteristics such as surface roughness, grain sizes and grain boundaries, and faceting. Consequently, physical modification often uses tools such as lasers, plasmas, temperature, ion beams and physical polishing and grinding to alter the surface state of a material of interest. Chemical methods are often classified as such because these methods introduce a change in the eventual chemistry or chemical composition at the surface of a material. The surface may possess chemical properties that are different from the bulk material. Among these formation of surface layers, either covalently bonded or physisorbed, has been most common. Other chemical methods include treatment with UV light and reactive plasmas. These changes can also introduce a change in the eventual surface charge density or the surface energy. As discussed above, many detection methods rely on a biosensing element immobilized on a surface. The immoibilization processes are largely governed by surface-species interactions and therefore the ability to systematically control or characterize surface properties such as surface charge presents an important element in biosensor design. As an example, the use of monolayers to generate desired surface states for biosensing is discussed below. Surface modification has been essential for biosensors to immobilize affinity tags for binding of target molecules to surfaces [133] [134] [135] [136] [137] [138] . For example, several platforms for cell, protein and DNA assays have been investigated [74, [139] [140] [141] [142] [143] [144] . Other examples include tissue engineering, bio-threat and environmental sensors [145] [146] [147] , biomimetic surfaces [148, 149] , and development of myriad surfacebased platforms for clinical diagnostics and applications [138, [150] [151] [152] [153] [154] [155] . Recent reviews have also discussed in detail the methods for surface modification [56] and operational physics behind modified surfaces [81] , and in the sections to follow several examples of applied surface modification towards biosensors that use tools of surface modification are presented. For instance, microcontact printing is a fabrication technique that employs self-assembly. A polymer-based stamp, usually made of PDMS, is coated with an alkanethiol and then brought into contact with a substrate (usually silicon) that has a thin layer of gold deposited on the surface. A self-assembled monolayer (SAM) forms in the regions where the stamp comes into contact with the gold surface [156] .
(d) Bonding techniques
Once device features have been fabricated on a substrate, the features must be isolated from the outside environment to protect the sample of interest from contamination or interferences towards sensing. Therefore, the features are often sealed using a cover layer with well-established bonding methods. Next, a discussion for three methods used in several biosensors is presented.
(i) Anodic bonding
Anodic bonding is used most often to bond silicon to glass in microfluidicbased biosensor devices [31] . Typically silicon devices are bonded with glass top covers because of the optical transparency of glass which is preferred for device testing and characterization. The silicon substrate and glass top cover are brought into physical contact and bonded by applying heat (temperatures of the order of 400
• C), pressure (approx. 100-500 kPa), and a voltage (approx. several kilovolts) across the device. The strong potential difference applied across the device can cause the channels to bow. If the aspect ratio for the channels is very low, the silicon and glass may come into contact in the centre of the channel causing bonding owing to elastic deformation of either the glass or the silicon. Once the surfaces come in contact, the bond expands quickly down the channel, resulting in completely sealed-off channels. Aspect ratios as low as 0.004 (channel depth of 20 nm and width of 5 mm) have been fabricated by this method [121] .
(ii) Fusion bonding Fusion bonding is typically used for glass-to-glass bonding. Glass is heated to a temperature near to the glass transition temperature (approx. 550
• C) and put under pressure to create a seal. The temperature and the aspect ratio of the channels are the main factors that determine the survival of the channels. If the bonding temperature is too high, the channels tend to deform or collapse owing to re-flow of glass. If the temperature is too low bonding will not occur [121] . A sealed channel with a depth of 6 nm was achieved in a Pyrex substrate [157] . Small aspect ratios down to 0.0004 for 25 nm deep channels in Pyrex have been achieved [121] .
(iii) Other bonding techniques
Typically PDMS devices are bonded to glass covers by placing the glass cover in contact with the PDMS and curing the PDMS while applying pressure [60, 131] or by simply applying pressure [122] . PDMS can also be used as an intermediate layer for glass-to-glass bonding. Uncured PDMS is spun onto a glass cover and then exposed to oxygen plasma. The PDMS layer and glass substrate are brought into contact and cured under an applied pressure [118] . Oxygen plasma bonding is also used for devices where fluidic channels are fabricated in PDMS and a glass top cover is bonded to the device [25, 26] . In some cases, the use of adhesive layers has also been used to bond devices [123, 158] .
Applications
As discussed in the previous sections, most biosensors rely on a target molecule adhering to a detector molecule and providing a measurable signal. Consequently, several different types of sensors have been developed for the detection of target molecules. In the next few paragraphs, a broad-brushed discussion is presented for biosensors ranging from relatively common materials such as urea [159] , to biomarkers for various autoimmune disorders and cancer. In this review, no specific category of biosensors is chosen since the focus here is on demonstrating the use of microfluidics and nanofluidics as a widely applicable platform for biosensing applications. Therefore, it is likely that some papers may have been missed; however, the reader has been directed to several other related reviews, books and key references that provide in-depth discussions of specific topics.
A wide range of proteins are studied including hCG [4, 14, 16] , which is a biomarker for tumours; b-amyloid, an important biomarker for Alzheimer's disease caused by the cleaving of the amyloid precursor protein [160] ; the cancer biomarker alpha-fetoprotein [26] ; and interleukin-6 which is a biomarker for autoimmune disorders [13, 161] . Other target molecules include micro-RNA (miRNA) [24, 28] , a biomarker for cancer, DNA [15, 20, 25, 30, 34, 61, 122] , herpes simplex-2 virus infection [5] and common drinking water contaminants including E. coli [45] , pesticides [22, 35] , synthetic oestrogen in river water [21] and heavy metals [3, [162] [163] [164] .
Many detection methods rely on target molecule labelling and optical measurements. One such method is surface-plasmon resonance imaging (SPRI). In one study, target miRNA molecules were adsorbed onto a single-stranded locked nucleic acid microarray where poly(A) tails are added through surface reaction. DNA-coated Au nanoparticles bind to poly(A) tails which can then be analysed using SPRI. The percent reflectivity was found to vary linearly with concentration at concentrations of 10-500 fM. This study achieved a sensor that was 50 times more sensitive than a previously reported fluorescence-based microarray [165] , with a detection limit of 10 fM (5 attomoles, dissolved in 500 ml) [10] .
Methods that require labelling of target molecules and optical detection methods are limited by the ability of the flourophore labels to bind with the correct molecules. Additionally, quenching from the excitation light or from environmental effects limits the reliability of optical-based measurements. For these reasons, researchers have begun to develop label-free detection methods that do not rely on optical measurements. Recently, silicon-based nanowires have been used for the detection of miRNA, a non-protein coding RNA that regulates gene expression and has been implicated as a biomarker for certain types of cancer and neurological disorders [24] . MiRNA cells bind to peptide nucleic acids (PNA), which are immobilized on the surface of the nanowires to serve as receptors for the miRNA. Changes in resistance measured before and after the introduction of the sample indicate that miRNA has bonded to the PNA on the surface of the nanowire. This detection method allows for label-free direct detection of miRNA. Since the method is based on changes in electrical signals, this allows for quantitative determination of the miRNA present in the sample. The reported detection limit is 1 fM. A potential limitation is that certain common proteins such as bovine serum albumin also bind to PNA and may affect resistance signals, though effects were not found to be significant in a recent study [24] . Streaming potential and Debye screening may also affect electrical signals as previously discussed; however, researchers are working to minimize these effects [166] . A similar study was done using silicon nanowires to detect DNA down to 10 fM [34] . A similar detection method was developed using polymer-based nanowires. In this study, concentration of miRNA could be quantified in the range of 10 fM-20 pM with a detection limit of 5.0 fM [28] .
Electrophoretic separation was used in a microfluidic analysis system to detect the presence of anthrax in 750 nl of mouse blood within 30 min (figure 7) [60] . In another study, a nanofluidic device is used to localize gold nanoparticles (60 nm) and increase the concentration of target molecules near the entrance of the channel. Since the channel is only 40 nm tall, the particles become trapped at the entrance. Capillary forces drive the target molecules through the nanoparticle clusters where the target molecules bind creating an area that has a high concentration of target molecules. Surface-enhanced Raman spectroscopy, which depends on the excitation of molecules by infrared light, is then used to detect target molecule concentration down to 11.5 pM. The method is particularly attractive because it can distinguish between toxic b-amyloid peptide and harmless forms [160] .
While many biosensors focus on the detection of biomarkers for certain diseases, biosensors also have applications for detecting environmental contaminants. The Environmental Protection Agency has set the maximum concentration allowance for the pesticide dichlorvos at 5 × 10 −10 M for drinking water. A carbon nanotubebased biosensor reduced the detection limit from 1 nM to 1 pM in 10 min with a linear range of detection from 1 pM to 1 mM. It is believed that the decrease in the detection limit is due to the selective concentration of the pesticide inside the carbon matrix [22] . A further concern for clean drinking water is the presence of heavy metals such as arsenic, which can occur naturally, or materials like uranium, which can arise from waste armaments and other industrial and military applications. The United States and Europe set the permissible level of arsenic at 10 mg l −1 while in other parts of the world it is 50 mg l −1 . Microfluidics-based biosensors are capable of detecting arsenic concentrations of 10 mg l −1 in 75-120 min in contrast to 120-180 mg l −1 using fluorescence-based techniques [3] . Biosensors have also been developed for the detection of other heavy metals [162] [163] [164] , synthetic oestrogen [21] and E. coli [45] , which are all concerns for water contamination.
For all biosensors non-specific adsorption of biomolecules is a concern. Permselective membranes are one method for dealing with this issue. The principle of ion permselectivity is widely used in glucose biosensors. Glucose sensors are based on the rate of oxidation of glucose by dioxygen, which is measured by the formation of hydrogen peroxide. A permselective polymer layer is used in amperometric glucose biosensors to avoid interferences of the detection of hydrogen peroxide by ascorbate, urate and acetaminophen [167] found in blood samples. Permselective membranes are typically made of Nafion or a sol-gel material such as 3-mercaptopropyl trimethoxysilane (MPTMS) with studies indicating MPTMS is a better permselective material since signals from interfering molecules were reduced when compared with Nafion-coated biosensors [168] . Nafion permselective membranes are also used in glucose sensors to prevent reduction of sensor signal in electrically based sensors caused by dependence of the signal strength on buffer concentration. As buffer concentration increases, signal strength decreases. The use of the permselective membranes near the sensing surface reduces the influence of buffer concentration [169] . In another study, Nafion was used as the nanochannel in a microfluidic-based biosensor. Nanofluidic concentration polarization effect was used to pre-concentrate the sample before detection. The detection limit for this device was 2.72 nM with a sample size of 25 ml and a detection time of 15 min, including the pre-concentration step [4] . A recent study shows that non-specific adsorption can be reduced by increasing SAM incubation time, decreasing surface roughness and, in the case of gold electrodes, optimizing the directional alignment of the gold crystal [170] . The device used to perform this study is shown in figure 8 . Another method of dealing with the non-specific binding of proteins exploits the Vroman effect [171, 172] . The Vroman effect is when a weak affinity protein bound to the surface of a substrate is displaced by a strong affinity protein. The reverse process does not occur. A protein's affinity to bind depends on the size of the protein, concentration of proteins in the solution, the binding substrate and the pH of the solution. The reactions occur so that the total entropy of the system is minimized, which is why certain proteins will replace others already bound on a surface while the reverse process will not occur [171] . The Vroman effect allows a target protein with a strong affinity to be detected in the presence of several other lower affinity proteins. Displacement of proteins initially adsorbed to a surface results in a shift in reflectivity that can be measured by SPR [11] . Microfluidic biosensors offer the possibility of creating portable and potentially disposable detection devices. Recently, an electrochemical microfluidic biosensor was developed for the detection of DNA. The device uses an array of microelectrodes as a transducer and ferro/ferricyanide entrapping liposomes as signal reporters to quantify the concentration of DNA in the range of 1-50 fM in 6 min using only a simple potentiostat [122] . This type of sensing mechanism was used in the design of a miniaturized electrochemical detection system with an integrated poteniostat. The device is fully portable and relatively inexpensive (less than $50) [20] , when compared with some other microfluidics devices that can easily cost well over a few hundred dollars. This varies from fluorescence microscopy since it does not require expensive, bulky detection equipment and image processing software, though the detection limit for fluorescence-based detection has been reported to be as low as 0.2 fM [69] . Additionally, devices have been developed that have six channels in parallel and use only capillary forces to fill the channels in 8-47 min. This could potentially lead to a single device that can be used to detect several different target molecules at once [6] . Researchers have also made advances towards fabricating reusable devices by applying a low (0.9 V) DC voltage to reset the sensing surface [173] .
Summary
The fundamental fluid mechanics and fabrication methods relevant to micro-and nanofluidic-based biosensors as well as recent types of biosensors, the way in which they detect the presence of target molecules and the reliability and detection limits have been reviewed. The critical dimensions of micro-and nanofluidicbased devices are the same as the length scales for physical phenomena governed by small collections of molecules. Minimum concentrations and the amount of time required for detection are limited by mass transport and reaction time. Reliable, fast detection is further complicated by effects such as non-specific adsorption of molecules, interferences from composition of electrolyte solutions, Debye screening of sensing areas and streaming potential effects of electrically based biosensors. Advances have been made to overcome these challenges, but further research is required to decrease minimum concentrations and detection time and allow for simultaneous detection of multiple target molecules while having low false positives.
